The aim of the study was to estimate the tibiofemoral joint force in deep flexion to consider how the mechanical load affects the knee. We hypothesize that the joint force should not become sufficiently large to damage the joint under normal contact area, but should become deleterious to the joint under the limited contact area. Sixteen healthy knees were analyzed using a motion capture system, a force plate, a surface electromyography, and a knee model, and then tibiofemoral joint contact forces were calculated. Also, a contact stress simulation using the contact areas from the literature was performed. The peak joint contact forces (M ± SD) were 4566 ± 1932 N at 140 degrees in rising from full squat and 4479 ± 1478 N at 90 degrees in rising from kneeling. Under normal contact area, the tibiofemoral contact stresses in deep flexion were less than 5 MPa and did not exceed the stress to damage the cartilage. The contact stress simulation suggests that knee prosthesis having the contact area smaller than 200 mm 2 may be problematic since the contact stress in deep flexion would become larger than 21 MPa, and it would lead damage or wear of the polyethylene.
The tibiofemoral joint experiences significant mechanical loads in daily activities. Since direct measurement of the knee joint force is technically and ethically difficult, most of the in vivo studies have used a combination of motion analysis and modeling to calculate the joint force. Estimated tibiofemoral joint contact force ranged from 2-4 times body weights (1500-2500 N) in walking (Morrison, 1970; Taylor et al., 2004) to 5-7 times body weights (3500-6000 N) in rehabilitation exercises such as squat (Dahlkvist et al., 1982; Ellis et al., 1979; Escamilla et al., 1998; Lutz et al., 1993; Toutoungi et al., 2000; Wilk et al., 1996) . However, these studies did not analyze knee motion larger than 140 degrees. Current studies revealed that the tibiofemoral joint decreases its contact area in deep flexion. At 133 degrees of flexion, the contact between the femur and tibia places at the posterior edge on the tibial plateau and the lateral femoral condyle may be regarded as being posteriorly subluxed at full flexion (Nakagawa et al., 2000; Li et al., 2004) . Thus, the medial compartment, especially the medial meniscus, carries most of the mechanical load in full flexion motion. This characteristic may explain why degenerative tear is most frequently seen in the posterior portion of the medial meniscus, while there is a lack in joint loading data during such knee flexion. In addition, deep knee bending is considered as one of the risk factors to cause tibiofemoral osteoarthritis. The recent epidemiological studies of large populations in Europe, the United States, and China have shown the strong relationship between tibiofemoral osteoarthritis and deep knee bending (Coggon et al., 2000; Felson et al., 1991; Zhang et al., 2004) . However, it is not clear how the joint loads in deep flexion play a role in leading to the degenerative change. A recent in vitro study (Thambyah et al., 2005) suggested that the joint contact stress in simulated deep flexion may reach the damage limits of cartilage; however, loading conditions were derived from different studies and knee flexion was limited to 120 degrees. Thus, there is a need to analyze the tibiofemoral joint loading in the motions that include full range of flexion.
Mechanical load at the knee in high flexion becomes an important issue in current total knee arthroplasty (TKA). Many "high-flexion" designs are commercially available to satisfy the patients' expectations (Li et al., 2004; Weiss et al., 2002) . However, elevated contact stress on the polyethylene leads to destructive wear process. Many studies have shown that the contact stress on the implant exceeded the yield point of the polyethylene inlay under the physiological loads (Chapman-Sheath et al., 2003; Harris et al., 1999; Kuster et al., 1997; Stukenborg-Colsman et al., 2002; Nakayama et al., 2005) . In particular, the contact stress in 90 degrees or more may be considerable for the implant. One reason is thought to be limited contact areas that result in higher contact stress in that flexion with most of the current prosthesis designs (ChapmanSheath et al., 2003; Stukenborg-Colsman et al., 2002; Nakayama et al., 2005) . Therefore, evaluation of the tibiofemoral joint force in deep flexion is necessary to simulate the contact stress and to provide rationale about how much contact area is required in the prosthesis to sustain the mechanical loads.
The aim of this study was to evaluate the tibiofemoral joint forces on healthy knees in deep flexion up to 155 degrees. To consider the mechanical effect in the joint, a contact stress simulation was also performed. We hypothesize that the joint force should not become large enough to damage the joint under normal contact area, but should become deleterious to the joint under the limited contact area.
Methods
Sixteen healthy subjects (seven women and nine men) with no history of knee pain or injury were tested at the gait laboratory. All subjects read and signed a consent form, which was approved by Institution Review Board at Stanford University. The subjects had a mean age of 32 years (range 27-42), a mean height of 1.70 m (range 1.52-1.80), and a mean weight of 597 N (range 430-855). An opto-electronic motion capture system (Qualysis, Savedalen, Sweden) with a multicomponent force plate (Bertec, Columbus, OH) and a four-channel surface EMG (Synergy Lab, Sensory Motor Performance Program, Chicago, IL) were used to capture synchronized motion, force, and EMG data at 120 Hz respectively. To reduce the test burden on a subject, only the left leg was tested. The markers were placed at superolateral aspect of the iliac wing, lateral aspect of the greater trochanter, lateral joint line of the knee, lateral malleolus, lateral calcaneus, and lateral head of the fifth metatarsal. The threedimensional joint kinematics, net (external) knee moments, and net (external) knee forces were calculated using a six-marker link model (Nagura et al., 2002 ). In the model, a local anatomical coordinate system on the tibia was used to represent the force directions. The long axis of the tibia was defined as the superior-inferior axis. The link model included the assumption that no axial rotation occurred about the long axis of each segment. The activities of four limb muscles (rectus femoris, vastus medialis, hamstrings, and medial head of gastrocnemius) on the left limb were recorded with two electrodes (ConMed, Utica, NY) placed over each muscle belly with the centers 2 cm apart. The activity of the hamstrings was recorded at the mid point between lateral and medial hamstrings. The signal level was normalized to the signal during the maximum voluntary contraction (MVC), which was performed as indicated in the text (Lacote et al., 1987) . The average signals of the rectus femoris and vastus medialis were used to indicate the quadriceps activity.
The subjects performed the trials of 10 m of level walking, stair climbing onto the two platforms 25.5 cm in height each, rising up from a kneeling position with one leg (kneeling), and rising up from a full squatting position with both legs (full squat). In the kneeling activity, the flexion angle was approximately 90 degrees during a kneeling position with both knees on the floor. Then, the subjects lifted the left leg from the ground, and stood up using that leg. In the full squat activity, the subjects started in a full squatting position with both knees on the floor, and then stood up with both legs. The maximum knee flexion was approximately 100 degrees during the kneeling, and 155 degrees during the full squat. After several practices, one trial was recorded in each activity. Stance phase of each activity was selected for analysis.
A statically determinant knee model was used to compute tibiofemoral joint compressive/shear forces, muscle forces, and the ligament forces around the knee. This 2-D planar knee model was based on anatomical measurements of eight cadaver knees, and included three muscle groups (the quadriceps, hamstrings and gastrocnemius), the lateral and medial collateral ligaments, and the cruciate ligaments (Schipplein et al., 1991) . Lines of action for the three muscle groups were determined from 13 muscles (4 muscles in the quadriceps, 6 muscles in the hamstrings, and 3 muscles in the gastrocnemius) in the lower limb. Inputs to the model were knee flexion angle, net knee moments, net knee forces, and ratio of knee extensor/flexor activity level (Figure 1 ). The net knee moments and forces were determined by the motion analysis data. The net knee moments consisted of net flexion-extension moment and net abduction-adduction moment. The net knee forces consisted of axial and anterior-posterior loads. The model allowed the tibial-femoral contact point to change with knee flexion. The forces due to the three muscle groups resisted the net flexion-extension moment. Normalized EMG signals of the quadriceps, hamstring, and gastrocnemius were adopted to determine the ratio of knee extensor/knee flexor activity level. The root mean squares of the EMG signals from the three muscles were averaged over 0.5 second, and activity levels of the hamstrings and gastrocnemius relative to the quadriceps were 1 -A model included the three muscle groups and the ligaments at the knee. The changes in the tibiofemoral contact point with knee flexion angle, and resulting changes in moment arms and force directions of the muscles were modeled. Net extensionflexion moment and normalized EMG signals were used to determine the forces in the three muscle groups. The graphs indicate motion analysis data and EMG signals during rising from full squat in a subject. EMG signals from the quadriceps (Quads; vastus medialis = black line, rectus femoralis = gray line), and those from the hamstrings (Ham; gray line) and the gastrocnemius (Gas; black line) are indicated. Abbreviations: Deg. = degrees, Sec. = second, %BWxHt = % body weight times height, %MVC = % maximum voluntary contraction. determined as the levels of co-contraction. Total tibiofemoral joint forces and the forces on the ligaments were calculated to maintain force equilibrium with the net knee forces and the muscle forces in sagittal and coronal planes. In each plane, the long axis of the tibia was defined as the superior-inferior axis. The joint forces in sagittal plane were shown as the two components of the forces: axial forces acting along the long axis of the tibia (compressive force) and the forces acting perpendicular to the axial force (shear force). Posterior shear force indicates the force tends to push the tibia to posterior direction with respect to the femur.
To see the differences in the forces, the data were evaluated and compared at every 5 degrees of flexion as the knee moved from maximum flexion to maximum extension. Peak values of knee forces were also compared among four different activities. An ANOVA with a single factor for two groups was performed each time, to test the statistical difference between any two of the activities, and p value less than 0.05 was considered as significant difference.
Results
The tibiofemoral joint contact forces became greater in higher flexion angles during the deep flexion activities (Figures 2 and 3) . The peak contact forces were 4566 ± 1932 N at 140 degrees in full squat and 4479 ± 1478 N at 90 degrees in kneeling. The joint contact forces that occurred in either deep flexion activity were greater than the maximum value of the forces during walking or stair climbing.
The peaks of the joint and muscle forces occurred between 10 and 20 degrees during walking, 30 and 50 degrees during stair climbing. On the other hand, the peaks of the forces (except for the anterior shear force) occurred between 80 to 90 degrees during kneeling and 140 and 150 degrees during full squat (Table 1 ). The peak joint compressive force, posterior shear force, and the quadriceps force during kneeling were larger than those during walking, and those during full squat were larger than those during walking and stair climbing. There was no difference in the peak anterior shear force in each activity. To evaluate the tibiofemoral contact stress that possibly occurs during deep flexion activities, a contact stress estimation has been performed in three different conditions with typical contact areas, simulating average contact stress on a natural knee (1150 mm 2 ) (Fukubayashi & Kurosawa, 1980) , a knee without the menisci (520 mm 2 ) (Fukubayashi & Kurosawa, 1980) , and a total knee prosthesis (200 mm 2 ) (Chapman-Sheath et al., 2003; Nakayama et al., 2005) (Figure 4) . The contact stress analysis revealed that the average stress during deep flexion in a natural knee or a knee without menisci were less than 10 MPa, whereas the average stress in a knee with a 200-mm 2 contact area became larger than 21 MPa during both kneeling and full squat.
Discussion
In this study, we used motion capture techniques and a statically determinant model that have been used in the previous published works (Nagura et al., 2002; Schipplein et al., 1991) . The estimated joint forces during walking show good agreement with the in situ forces measured by prostheses implanted in the patients (Lu et al., 1998; Taylor et al., 2004) , and support the validity of our model. The previous in vivo studies reported a combination of high compressive force and posterior shear force at the tibiofemoral joint during various deep flexions (Table 2 ). Most authors stated that very small anterior shear forces occurred on the knee during deep flexion. Our results also agreed with their results. Although there were up to 36% differences in the calculated forces between the present study and the studies by Dahlkvist and colleagues (1982) and Wilke and colleagues (1996) , the knee flexion range in the activities (up to 155 degrees versus 140 and 100 degrees respectively) and subjects' body size (597 N versus 732 and 912 N respectively) varied in the studies, and those variations should explain the differences in the calculated force.
The contact stress on the joint is determined by the mechanical load and the area of the contact. The reported average contact area of a natural knee joint ranges from 105 to 2013 mm 2 (Fukubayashi & Kurosawa, 1980; Kettelkamp & Jacobs, 1972; Maquet et al., 1975; Thambyah et al., 2005) . It is consistent with the fact that the knee joint has smaller contact area in flexion than in extension. Maquet and coworkers (1975) evaluated the tibiofemoral contact area between 0 to 90 degrees and the area was decreased to 57% at 90 degrees compared to 0 degrees. Thambyah and colleagues (2005) reported that the contact area in deep flexed position was 58% of the maximum contact area measured in the position simulating toe-off of the gait. Removal of the menisci significantly reduced the contact area to 40-50% (Fukubayashi & Kurosawa, 1980; Kettelkamp & Jacobs, 1972) . Based on a simulation, the contact stresses in a natural knee or a knee without menisci were less than a stress level (15-20 MPa) that damages cartilage at the joint (Clements et al., 2001) (Figure 4) . The results support our hypotheses and do not agree with the results by Thambyah and coworkers (2005) , who reported the deleterious stress (>20 MPa) to damage the cartilage in deep flexion. Further study with more detailed contact analysis is required to discuss the Figure 4 -A joint contact stress simulation with three contact areas under the joint contact forces during full squat (left) and kneeling (right) (average ± 1 SD, averages shown by solid lines). In the simulation, the contact areas were assumed to be constant in all range of flexion. Arrows indicate the tensile yield of polyethylene (21 MPa, Chapman-Sheath et al., 2003) and the stress levels that are known to damage the cartilage (between 15 and 20 MPa, Clements et al., 2001 ). effect of the deep flexion loads on the joint. In particular, the distribution of the force under the loads is a key to explain the effect. At this point, there is a lack of information about the contact area near full flexion. Although the lack of information limits discussion on the relationship between osteoarthritis and deep flexion loads, one possible explanation is a stress concentration in the medial meniscus. Near maximum flexion, the contact between the femur and tibia occurs mainly at posterior edge in the medial compartment (Nakagawa et al., 2000; Li et al., 2004) . The significant contact forces during full squat will result in stress concentration in the posterior horn of medial meniscus. This can lead the process to damage the meniscus and initiate the onset of the degenerative change in the tibiofemoral joint (Wilson et al., 2003; Pena et al., 2005) .
The reported contact area of total knee prostheses is between 100 and 850 mm 2 , and there were 30 to 50% reductions in the contact area with flexion of 110 degrees or more (Chapman-Sheath et al., 2003; Harris et al., 1999; Stukenborg-Colsman et al., 2002; Nakayama et al., 2005) . Kuster and colleagues (1997) assumed the contact stress on the prosthesis during downhill walking. They indicated that the contact stress would exceed the yield point of the polyethylene inlays (21 MPa, Chapman-Sheath et al., 2003) and recommended to have more than a 400-mm 2 contact area with knee prosthesis. Chapman-Sheath and coworkers (2003) reported that there was increase in the peak contact stress with flexion on mobile bearing knees under a 3600-N load. The contact stresses at 110 degrees were larger than 21 MPa in five out of nine designs. Nakayama and colleagues (2005) evaluated the contact stress at the post-cam mechanism in posterior-stabilized prostheses under a posterior force of 500 N. All knees had the peak contact stresses than 30 MPa in flexion beyond 120 degrees. Polyethylene wear can be caused by many factors and excessive contact stress produces positive results in some cases (Barbour et al., 1997) . The stress threshold for poly- Squat 0-100 912 ± 137 ×BW 6.7 ± 1.9 N/A 2.0 ± 0.7 N 6139 ± 1709 1783 ± 634
Present study
Full squat 0-155 597 ± 120 ×BW 7.3 ± 1.9 0.1 ± 0.1 4.9 ± 1.6 N 4470 ± 1825 66 ± 52 3005 ± 1339
Note. ×BW = times body weight.
ethylene damage can be variable and is not always a single value. Distribution of the pressure based on the prosthesis geometry should be evaluated to see whether the load in deep flexion is excessive. However, a small contact area in flexion will increase the contact stress and surely increases the risk for mechanical failure. The mechanical loads used in the previous contact stress analyses were less than the loads calculated in the present study. This may lead to underestimation of the contact stress on the prosthesis. In a joint with contact area less than 200 mm 2 , the stress during both kneeling and full squat may exceed the yield point of polyethylene ( Figure  4 ). Considering the joint contact force in high flexion, the design protocol for the knee prosthesis should include providing a larger contact area in any flexion range. On this point, we recommend a contact area of more than 200 mm 2 to safely sustain loads during deep flexion.
As discussed in the above sections, published contact areas were used in our contact stress simulation and the average contact stress was calculated. Using this approach, it is not possible to indicate peak contact stress or stress distribution at the joint. A 2-D knee model in this study has a generic joint anatomy and does not consider anatomical variations among the subjects. Modification of the model (i.e., a subject-specific model) or using a different modeling approach (i.e., finite element model) will be helpful to clear these limitations. Our analysis involved knees with normal function and range of motion. This fact limits the application of our results to TKA patients. Usually, patients following TKA have limitation in the extensor muscle force and range of motion. In many cases, it is not possible to perform the deep flexion described in this study. However, current improvements in surgical technique and prosthesis design have been providing better postoperative function and range of motion for patients. Many patients should be able to acquire knee function close to normal in the near future. Our data will be useful for deriving design criteria for a prosthesis that is capable for full flexion.
